Abstract-This paper deals with the benefits of using a nonlinear model-based approach for controlling magnetically guided therapeutic microrobots in the cardiovascular system. Such robots used for minimally invasive interventions consist of a polymer binded aggregate of nanosized ferromagnetic particles functionalized by drug-conjugated micelles. The proposed modeling addresses wall effects (blood velocity in minor and major vessels' bifurcations, pulsatile blood flow and vessel walls, and effect of robot-to-vessel diameter ratio), wall interactions (contact, van der Waals, electrostatic, and steric forces), non-Newtonian behavior of blood, and different driving designs as well. Despite nonlinear and thorough, the resulting model can both be exploited to improve the targeting ability and be controlled in closed-loop using nonlinear control theory tools. In particular, we infer from the model an optimization of both the designs and the reference trajectory to minimize the control efforts. Efficiency and robustness to noise and model parameter's uncertainties are then illustrated through simulations results for a bead pulled robot of radius 250 μm in a small artery.
I. INTRODUCTION

E
MERGING real-time high spatial resolution medical imagers, using either computed tomography (CT) [1] , optical coherence tomography, or magnetic resonance imaging (MRI) devices [2] , [3] , are promising for the development of automated medical interventions. In particular, it opens a wide field in minimally invasive diagnostic, therapy, or in vivo biosensing. Deflected ferromagnetic catheters [4] or unthetered capsules [5] are already used for medical interventions at the millimeter scale. Recent developments in nanotechnology have allowed the exploration of robots capable of propulsion at the micro-and nanoscale. One of the primary challenges are the locomotion and power at these scales. Since the smallest adequate motors are some hundreds micrometers long, embedded actuation does L. Arcese and M. Fruchard are with the Laboratoire PRISME, University of Orleans, 18020 Bourges cedex, France (e-mail: laurent.arcese@bourges. univ-orleans.fr; matthieu.fruchard@bourges.univ-orleans.fr).
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Digital Object Identifier 10.1109/TBME.2011.2181508 not seem to be a suitable choice for artificial robots swimming in the blood flow. Furthermore, traditional onboard power supplies, i.e., batteries, cannot be scaled at these dimensions. Two main approaches have been proposed to solve this issue using harvesting energy from the biological environment and an externally energy field. The first approach employs chemical locomotion to harvest energy from chemicals in the environment such as H 2 O 2 [6] . Magnetotactic bacteria actuated thanks to embedded ferromagnetic material has also been demonstrated [7] . To date the most systematically approach uses wireless power transmission through magnetic fields [4] , [8] . Different designs have been proposed in the literature for such microrobots with distinguishing physical features [9] . A first propulsion scheme is biologically inspired using either helical tail (HT) [10] , [11] , beating flagella [12] , or elastic flagella (EF) [13] , [14] ; a second one is referred as bead pulling (BP) [15] , [16] . Actually, the most advanced design relies on BP [17] since in vivo experiments were conducted in the carotid artery of a living swine [18] .
All these contributions emphasize the difficulties of controlling magnetic microrobots in fluids through magnetic fields actuation. Achieving motion control of magnetic microrobot necessitates nonlinear dynamics modeling and analysis [19] - [21] . Some models are very precise and thorough but rely on finite or discrete elements methods [22] : while these studies are useful to predict the microrobot's trajectory and to perform parametric analysis, they are inappropriate for online control purposes due to their high computational costs. At the opposite, most of the literature dedicated to the control of magnetically guided microrobots neglects wall effects and interactions. These studies mainly address the control of linearized models. Thus, stability and robustness issues, pointed out by the authors in [23] and [24] , could have been expected.
On top of dealing with the nonlinearities of the model, control approaches have to solve some actuators sizing problems [22] , [25] due to both limitations on actuators and the increasing prevalence of blood flow drag over magnetic force as the robot navigates in smaller vessels [26] . In [17] and [22] , the authors show that an optimal robot-to-vessel diameter ratio should be respected so as to minimize the drag force prevalence. Hence, designing the microrobot as a degradable binded aggregate of magnetic nanoparticles can be a technological way to navigate in smaller vessels.
This paper addresses the benefits of using a nonlinear modelbased approach for designing and controlling a magnetically guided functionalized microrobot in the blood flow, especially at vessel bifurcations (see Fig. 1 ). The contribution is threefold. First, in Section II, we give a precise forces balance, which includes wall effects (bifurcations, pulsatile blood flow), wall interactions (contact, van der Waals, electrostatic, and steric forces induced by the robot's functionalization), and nonNewtonian behavior of blood. In particular, we address the modeling of bifurcation effects (minor and major ones) using analytical approximations of computational fluid dynamics (CFD) simulations. We also address the design of nonlinear observer and controller that guarantee the stability of the tracking along any feasible navigation trajectory. Section III-A is then devoted to the exploitation of the proposed nonlinear modeling to optimize both the design and the reference trajectory that the microrobot should track in the macro-and microvasculature. In particular, we show that the optimal size for different swimming methods (BP, EF, and HT designs) should not be as big as expected in [17] due to the influence of wall interactions. The navigation can also be optimized so as to minimize the control efforts. These two results suggest that embolization hazards can be reduced while improving the targeting of medical interventions. In Section III-C, simulation results illustrate the performances and robustness to noise measurements and parametric errors of the proposed approach in a small artery, with concerns about the limitations of a clinical MRI gradient coils. Finally, we discuss some open issues in Section III-D and conclude in Section IV.
II. METHODOLOGY
A. Analytical Model
Let us consider a spherical ferromagnetic microrobot, of radius r, immersed in blood vessels. The microrobot is governed by several forces including a magnetic motive force F m , the blood hydrodynamic drag force F d , the microrobot's apparent weight W a , the contact force F c , the van der Waals, and the electrostatic interaction forces F vdw and F el , between the microrobot and the vessel walls and finally the steric interaction force F s between the robot's polymer chains and the endothelial glycocalyx. The Knudsen number is large enough to neglect the effect of Brownian motion. The translational motion of a robot of mass m is given by
where v is the translational velocity of the robot. 1) Motive Force: Three main schemes of magnetically actuated microrobots have been developed (see Fig. 2 ), namely bead pulled, elastic flagellated, and helical tailed robots. The motive force F m for each class of robot is detailed hereinafter.
1) The BP approach relies on the use of magnetic gradient coils for propulsion. The magnetic gradient induces a magnetic motive force F m on the robot [see Fig. 2 (a)]:
where V and V m are the robot's and the ferromagnetic volumes τ m = V m /V and M is the bead's magnetization. ∇ B is the magnetic gradient. Within an MRI device, the orientation of the robot does not change due to the magnetic torque Γ m that tends to align the robot's magnetization M along the MRI uniform magnetic field B 0 = 3 T, which also ensures a saturation magnetization M sat . 2) Biologically inspired flagellated robots [see Fig. 2 
(b)]
have been designed through various concepts, see [9] for a survey. In magnetically driven elastic flagellated propulsion, the wave motion of the elastic tail is induced by the magnetic torque applied on the attached magnetic bead:
With an oscillating magnetic input B of norm B 0 at frequency ω, the post-transient resulting motive torque has an amplitude γ 0 = τ m V M B 0 . For small-amplitude motion (under assumption that γ 0 L/k κ 1), the elastohydrodynamics are described by an hyperdiffusion equation and the resulting motive force is given by [14] 
where
and κ r are, respectively, the length, the normal viscous drag coefficient, and the radius of the flagellum. k κ = πE κ κ 4 /4 denotes the bending stiffness of the tail, · denotes the time average operator over one period, and Z is a scaling function dependent on the sperm number S p = L 4 ωζ ⊥ /k κ 1/4 . The latter is a decreasing function of S p , valid only for S p ≥ 3.4 [14] . It should be noticed that more effective concepts have been proposed, e.g., planar wave flagellated robot [27] , where the increased efficiency requires a distributed actuation.
3) The rotating magnetic torque (3) can also be exploited to generate a corkscrew effect for a bead attached to an HT illustrated by Fig. 2(c) . The post-transient motive force is given by [26] 
where ϕ and n are the pitch angle and the number of helical turns, v and v f , respectively, denote the robot's and the fluid's velocity. The viscous drag coefficients for flows, respectively, normal and parallel to the tail's axis are given by
In (5), the first term is a pure driving force resulting from the corkscrew effect, and the second term is a slow down force induced by the drag exerting on the tail. 2) Hydrodynamic Drag Force: Hydrodynamics effects are classically modeled using the Navier-Stokes equation, whose analytical solution is lacking. A numerical approach implies time-consuming computations that are not compatible with realtime approaches. Assuming that the fluid is incompressible, the drag force exerted on a sphere is approximated by
where ρ f denotes the fluid density, A is the robot's frontal area, and C d is the R e -dependent drag coefficient; for a sphere in a fluid of infinite extent in laminar flow, we have:
a) Non-Newtonian fluid: In the case of blood, the fluid's viscosity η depends both on the vessel's diameter d (in 10 −6 m) and on the hematocrit rate h d (see Fig. 3 ) according to the three following empirical relations [28] :
with parameters η pl and η 0.45 denoting, respectively, the plasma viscosity and the relative apparent blood viscosity for a fixed discharge hematocrit of 0.45, given by b) Wall effects: Equation (7) neglects wall effects, which has to be corrected considering the impact of the vessel walls on the robot's velocity for endovascular applications. This wall effect is commonly expressed as a ratio between the terminal relative velocity of the robot ( v − v f ) and its velocity ( v − v f ) ∞ in an infinite extent of fluid [29] :
with diameter ratio λ = 2r/D and D denoting the vessel diameter (in m). Parameters α 0 and λ 0 are functions of Reynolds number, but are commonly set to 1.5 and 0.29, respectively. Thus, equation (7) becomes
Boundary layer at the wall-fluid interface also results in a parabolic profile of blood flow (see Fig. 4 ). The pulsative blood's velocity is modeled by an affine combination of a time-varying periodic flow with a spatial parabolic profile p p (δ). So as to simplify the analytical expression, with no loss of generality, we only consider the first terms in the time-varying Fourier series of the physiological pulse. In the case of an artery, such an approximation leads to
where n is the unit vector normal to the wall and pointing outside the vessel. Let M 0 , N, and M denote, respectively, the center of gravity of the microrobot and its projections along n onto the vessel wall at equilibrium and onto the microrobot's outer surface. The signed distance δ between the wall and the robot is thus defined by δ = −−→ NM. n. It should be noted that setting a f > 1 in (12) results in cyclic occurrence of negative values for v f (t), what properly models the diastolic backflow occurring in arteries. Pulsatile flow caused by cardiac pumping also induces a periodic 10% deformation of the vessel diameter D(t) (see Fig. 4 ), synchronized with the blood velocity v f (t):
c) Bifurcation effects: The velocity profile strongly depends on the geometry of the vessel. Minor bifurcations lead to slight perturbations in the velocity profile and amplitude (see Fig. 5 ): the usual parabolic profile of the blood flow supplies a good approximation.
On the contrary, major bifurcation entails major changes (see Fig. 6 ) and the parabolic profile in (12) is no more valid. On Fig. 6(a) , before the apex of the bifurcation, the increase of the vessel's cross-sectional area results in skewed and flattened profiles. In the vicinity of the apex region, the velocity at the parent branch centerline promptly cancels out (from θ = 25
• to 30
• ) and the maximum velocity is reached close to the upper wall. After the apex, the maximum velocity progressively shifts to the inner wall [see Fig. 6(c) ]. The flow then gradually returns to a steady-state parabolic profile in the daughter branch. Since these numerical simulations, consistent with the dedicated literature, are not compatible with real-time control constraints, it is necessary to develop analytical models of the velocity profiles that fits CFD results. Even though one can find a polynomial approximation for each angle value θ, there are two severe obstructions to such an approximation: the problem is ill conditioned and it does not allow for a smooth change of velocity profiles as θ grows. We, therefore, propose a rational approximation of the blood velocity profile in the form p r (δ) = aδ
and solve a well-conditioned nonlinear inverse problem for some θ values. Fig. 6 shows that the interpolation results in smooth profiles that fit quite well the CFD results. Note that adding another rational fraction to p r (δ) results in a better approximation, at the expense of a more complicated inverse problem. Since such in vivo measurements are awkward, mathematical models, and numerical simulations will become the main investigative tools.
3) Apparent Weight: Apparent weight, i.e., combined action of weight and buoyancy, is also acting on the spherical robot:
where ρ = τ m ρ m + (1 − τ m )ρ poly with ρ m and ρ poly the magnetic material's and polymer's densities.
4) Contact Force:
Since the robot moves in low velocity, the duration of the impact occurs within a few milliseconds. Hence, the contact force can be expressed by a modified Hertzian contact law [30] under the assumption of no friction between the robot and the wall during the impact:
with H the Heaviside step function. Stiffness k is given by
where E c and σ c (respectively, E w and σ w ) are the Young's modulus and Poisson's ratio of the microrobot (respectively, of the vessel wall).
The contact force during unloading is different from the one during loading and it is given by where F δm and δ m are the maximum contact force and the corresponding maximum deformation of the wall. δ 0 is the permanent wall's deformation from loading/unloading cycle and exponent p belongs to [1.5; 2.5].
5) Van der Waals and Electrostatic Forces:
The microrobot and the wall also interact each other through van der Waals and electrostatic forces. When the microrobot is close to the wall, interaction forces are dominant. As the robot moves away from the wall, the van der Waals force rapidly decreases and the electrostatic force prevails.
The van der Waals potential between the spherical robot and the wall is given by [31] 
where A h is the Hamaker constant and h = |δ|/r is the normalized distance from the robot to the wall. Then, the attractive van der Waals interaction force is obtained by differentiating (17):
The electrostatic force between the robot and the wall considered as an uncharged surface is given by [32] :
with q the robot's charge, and ε 0 , ε the vacuum and the relative blood's permittivities. [33] gives a maximum allowable charge q(μC) = 4πr 2 × 30(100r) −0.3 for a sphere of radius r. 6) Steric Force: Therapeutic microrobots are generally functionalized via polymer chain grafting, e.g., doxorubicin linked via a polymeric micelle to the robot's outer wall. This polymer brush, characterized by an equilibrium length L 0 , affects the interaction of the microrobot with the endothelial glycocalyx of the vessels walls. For 0.2L 0 < |δ| < 0.9L 0 , the repulsive interaction potential per unit area between the functionalized robot and the endothelium is given by [34] :
where k b is the Boltzmann constant, T is the absolute temperature, τ is the grafting density of the polymer, z the distance between the two flat surfaces, and index p/p stands for a planeto-plane interaction. The repulsive steric force per unit area between two flat surfaces is then deduced from (20):
Equation (21) is integrated using the Derjaguin approximation to infer the overall interaction between a sphere at distance |δ| from a flat surface modeling the vessel wall:
B. Nonlinear Controller and Observer Design
Now, let x 1 , x 2 , (x 3 , x 4 ) denote, respectively, robot's position and velocity along ı axis (respectively, along k axis). Assuming that positions x 1 and x 3 can be measured thanks to a realtime medical imager, let y denotes the state's measure. Using expressions of forces given by (2), (11), (14) , (15), (16), (18), (19) , (22) and adequate projection of local frame along the geometry of the vessel, (1) can be written in the canonical form:
where state vectors are given by X = (x 1 , x 3 ) and Z = (x 2 , x 4 ), the input vector U = M/ρ(∇B x , ∇B z ) is directly related to magnetic gradients, and F is the function on R 2 that stems from the projection of F tot .
Denoting
respectively, a reference trajectory, velocity, and acceleration, the backstepping control law [35] for system (S), (24) where k 1 and k 2 are the strictly positive backstepping gains, ensures the Lyapunov stabilization of the microrobot along the desired optimal trajectory (see [36] for more details).
The backstepping control law (24) requires the knowledge of the robot's velocity in addition to its position, measured by the imager. Since the velocity is not measured, we build an high gain observer to reconstruct it:
where L is the high gain, and matrices G x , G y are conveniently chosen [37] .
III. RESULTS
The goal of this section is to derive guidelines for optimizing the design, trajectory, and control of magnetically propelled microrobots toward any bifurcation branch.
A. Model-Based Optimization
Limitations on the hardwares used to generate the magnetic fields and gradients induce strong restrictions on the available motive force. For BP design, the optimization is based on a maximum magnetic field gradient ||∇ B|| = 80 mT.m −1 available on recent clinical MRI devices, with a uniform magnetic field of amplitude B 0 = 3 T. For EF and HT designs, we consider a maximum synchronized frequency ω/2π = 30 Hz and a rotating magnetic field of amplitude B 0 = 2 mT [11] . To acquire results that apply for a broad range of blood vessels, we consider navigation through 1) artery, 2) small artery, 3) arteriole, and 4) capillary. Table I presents typical diameters and blood flow velocities. To perform more realistic analysis, it is assumed that robots have a payload and polymer volumic capacity of 20% (i.e., τ m = 80%). Materials properties are given in Table III .
We perform a model-based optimization to determine both the optimal capabilities of each robot's design and the less demanding reference trajectory so as not to reach actuators' saturations. The total force F tot an endovascular robot is subjected to is the sum of all the forces acting on the robot apart from the motive force, i.e., F tot = F d + F el + F vdw + F s + W a . Whatever the selected design (namely BP, EF, or HT robot) the same external forces apply: the only difference stands in the source of their motive magnetic force F m (cf., Section II-A). It is, thus, necessary to optimize both the design and the trajectory in order to maximize the ratio F m /F tot defined by Martel and co-workers in [17] . Let Δ denotes the distance between the microrobot and the vessel centerline. For each vessel, a family of nondimensional 3-D curves is drawn as a function of λ = 2r/D (for the design optimization) and Δ (for the optimal trajectory), as shown in Fig. 7(a)-(l) . Physiological parameters' ranges, measured or estimated on patients, are given in Table II . The 3-D curves may, therefore, differ slightly from Fig. 7(a)-(l) de -TABLE II  PHYSIOLOGICAL PARAMETERS   TABLE III  SIMULATIONS DATA pending on the parameters' values, yet the general conclusions remain valid.
1) Design Optimization: BP, EF, and HT designs can be optimized with respect to the respective sets of parameters {r}, {r, L, κ, k κ , S p }, and {r, n, θ, κ}, so as to maximize the motive force F m . To compare equitably helical and elastic tail designs, we set a maximal ratio between the tail's length L and the bead's radius r corresponding to n = 10 helical turns for an HT with an optimal pitch angle ϕ = 35
• . Without violating the slender body and the small-amplitude assumptions, the elastic flagellum's radius κ and stiffness k κ are then optimized so as to maximize the motive force (for S p = 3.4). As the bead's radius r strongly affects both the motive and the total force, this optimization will result from the evolution of the ratio F m /F tot as a function of the diameter ratio λ = 2r/D depicted in Fig. 7(a)-(l) . Fig. 7 (a)-(l) depicts the evolution of the ratio F m /F tot , for BP, EF, and HT designs (from left to right), as they navigate in a broad range of blood vessels: from artery [see Fig. 7 (4) and (5)]. The smaller the robot's radius is, the more the drag decreases and it is even worst for the motive force. So a high radius, and in turn a high λ, improves the performances. However, drag is also affected by the partial occlusion of the vessel, through λ, which penalizes too high λ values. It results in a vessel-dependent optimal range for λ ranging from λ ∈ [0.15; 0.55] in an artery to λ ∈ [0.3; 0.6] in a small artery for BP design [see Fig. 7(a)  and (d) ]. Previous studies [17] , [22] have predicted respective optimal ratios λ = 0.42 and λ = 0.25 in an artery: we show that taking advantage of the interaction forces results in a lower optimal value λ = 0.15, what reduces embolization hazards. In smaller vessels, we conversely predict almost the same profiles and optimal ratios than the ones evaluated in [22] .
EF design does not provide enough thrust in any vessel configuration (F m /F tot < 1), even if its efficiency increases as the robot enters smaller vessels (additional studies show that EF robot can resist only a maximum v f = 15 μm·s −1 in a capillary).
The same effect occurs for HT design, whose motive force also grows in r 2 , although Fig. 7 (i) and (l) illustrates that the thrust is high enough to drive such a robot in arterioles and capillaries, as emphasized in [38] . In macrovasculature, Fig. 7(a) and (d) shows that BP design is the best fitted to navigate in vessels where the drag is important, provided that the robot's trajectory is defined alongside the upper wall.
2) Reference Trajectory: As the robot approaches the vessel's wall (as |Δ| increases), the drag force decreases because of the parabolic profile (12) of the blood flow, while interaction forces F el , F vdw and F s increase and can either counterbalance (for the upper wall) or amplify (for the lower wall) the apparent weight W a contribution. Hence, the symmetry is broken in the Δ-axis, as shown in Fig. 7 . Next to the upper wall, attractive interaction forces equipoise the robot's apparent weight, which minimizes the control efforts. This effect is clearly visible in arteries [see Figs. 7(a)-(f)]: since blood velocity is high, drag is dominant, and it is worthwhile navigating close to the wall. In arterioles and capillaries [see Figs. 7(g)-(l)], the problem is different: blood velocity is smaller and so the drag (though higher than available motive force for BP and ET designs). Interaction forces are consequently dominant, which prevents the robot from moving in the vicinity of the wall so to benefit from a reduced drag.
According to the forces balance presented in Section II-A and Fig. 7(a)-(l) , we can define freely the number of anchor points, e.g., four points in the present simulation. These points correspond to an optimal ratio F m /F tot , as explained in the previous section, and are distributed along the path from the start point (injection seed) to the end point (e.g., tumor target). This path has to be close to the upper vessel wall to minimize the control efforts in arteries, whereas it should be centered in smaller vessels.
To build an optimal reference trajectory the controller can track, these anchor points have to be joined in a smooth C 2 curve. This interpolation is provided by B-splines for flexibility concerns: a change in one anchor point's position will result only in a local modification of the path, and the reference velocity along this path can be rescaled easily. This can be of particular interest if F m /F tot < 1. For instance, Fig. 7(g ) and (j) shows that actual MRI devices cannot steer a BP robot in the smallest vessels because the drag force prevails. However, this limitation can be circumvented by computing a reference trajectory so as to synchronize the reference velocity with the blood flow.
B. Force Balance and Sensitivity Study
The force balance plotted on Fig. 8(a) for a small artery shows that the steric and van der Waals interactions can be omitted if considering the control of a microcarrier in large vessels, since they are, respectively, around 3 and 6 orders of magnitude under other forces. It is nonetheless necessary to take it into account in small arterioles and capillaries where they impact severely the force balance. Since the proposed model involves numerous uncertain parameters, a sensitivity study is also performed on Fig. 8(b) . The force balance is highly sensitive-linearly-to magnetization M , and-nonlinearly-to blood permittivity ε, charge q, and blood velocity V f . We have already showed in [39] that such uncertainties on linear parameters like M or q 2 /ε can be successfully addressed using adaptive backstepping.
C. Simulation Results
The following simulation is performed by taking into account some limitations of a clinical MRI system. The magnetic field is strong enough (3 T) to assume that the particles reach their saturation magnetization. In order not to exceed the capacity of MRI systems, the applied control law is now corrected as
) and a 100 T·m slew rate. The studied artery's radius is around 1.5 mm and exhibits some minor and one major bifurcation. The most effective design is, thus, BP design [see Fig. 7(d) ], and the optimal reference trajectory is set near the outer wall, as stated in Section III-A2. The radius of the robot is hence set to 250 μm so as to respect the optimal ratio λ = 0.15, as stated in Section III-A1. Performances and stability of the controller with respect to noise measurement and parameters uncertainties are now illustrated by a closed-loop simulation, whose nominal parameters are given in Table III. MRI and CT devices currently have a spatial resolution around some hundreds of micrometers. Besides, since the microrobot is composed of a ferromagnetic nanoparticles aggregate, it induces artifacts on the imager of the MRI device. Hence, we suppose that the position measurement is with an accuracy to within 100 μm (i.e., 10% of the measured signal), modeled by a white Gaussian noise. Moreover, we assume that a 5% uncertainty affects the blood velocity, what models the modeling errors generated by 1) the presence of minor bifurcations, 2) errors related to the approximation of CFD velocity profiles by a rational profile, and 3) the difficulty to estimate correctly the blood velocity. Fig. 9(a) illustrates that the proposed controller-observer is stable. After the transient phase and despite the 100 μm noise amplitude, the estimation error [see Fig. 9(b) ] is smaller than 10 μm (i.e., 10% of nominal value). During the observer convergence (t ∈ [0, 0.2]s), the tracking error [see Fig. 9 (b) ] increases. After this transient phase, one can notice that the observer reconstructs correctly the state. At t = 0.5 s, important aberrant values are injected in the imaging measurements to test the robustness of the controller-observer pair to bounded disturbances. It causes the microrobot to collide with the wall and the control inputs reach the actuator saturation [see Fig. 10(a) ], but the controller quickly rejects the disturbance to track the reference trajectory. After t = 0.6 s, despite noise measurement and modeling error, the tracking is efficient and the error does not exceed 150 μm. This is an excellent result since the model is very sensitive to errors on blood's velocity. 
D. Discussion
The dynamic behavior of the robot in blood vessels is highly affected by various physiological parameters (see Table II and Fig. 8 ). These parameters may vary with respect to many other factors such as temperature, patient age and health, etc. The selected control approach must be sufficiently robust to these uncertainties to track correctly the reference trajectory. Even though offline identification of some biological parameters is a solution, in vivo estimation remains a difficult issue. That is why, we have developed an adaptive control [39] to online estimate some parameters, which greatly improves the robustness to modeling errors on linear parameters. The estimation of nonlinearly varying parameters requires further study and remains an outstanding problem. Poor performances of EF design should be compared to the maximum velocity that other similar designs can reach within the same constraints: 4 μm · s −1 for a paramagnetic beating flagellated robot [12] , 30 μm·s −1 for E. Coli, and over 200 μm · s −1 for magnetotactic bacteria [7] . In the last two cases, the improved efficiency is a result of the distributed actuation in natural flagella. The shape anisotropy and flagellum design of both EF and HT designs make it difficult to 1) manoeuvre in vessels and anticipate wall interactions with the tail, and to 2) consider a progressive downscaling so as to benefit from an optimal ratio while navigating from macro-to microvasculature. Since such designs are well suited for explorating small vessels, it is tempting to embed such 5 μm devices inside a bigger agglomerate. The latter could be bead pulled in arteries, then break down to release the flagellated microrobots in arterioles. However such a design requires both strong magnetic gradients and oscillating magnetic field: in any case, a clinical MRI device cannot fulfill these requirements.
Controlling such microrobots raises safety concerns. The two main limitations are inadequate embolization and magnetic hazards. Designing the microrobot as a degradable aggregate keeping an optimal ratio is an answer to the first issue. Using time-varying magnetic fields can induce neurostimulation: at the present time, there are no worldwide regulations for timevarying magnetic gradients. Our works consequently deal with standard slew rates available on clinical MRI devices.
Spatial resolution of current medical imagers is an important limitation, especially within real-time constraints [1] , [3] . However, future imagers like 7-T MRI or 256 slice CT devices are promising for high spatial and temporal resolution imaging. This will be a key point for implementing targeted minimally invasive therapies using microrobots that require to navigate into smaller vessels. Using an MRI device to provide both imaging and thrust also requires multiplexing, what induces both a lower imaging resolution and a degraded tracking during imaging period [23] . Postprocessing-notably time required to perform accurate localization of the microrobot using its magnetic signature despite a size below the MRI resolution [40] -and delays can also severely degrade the proposed approach. This issue tends to be critical when the robot enters in small vessels, where the length shortens between two successive bifurcations. A way to overcome these downsides is either to upgrade the MRI with additional gradient coils, either to decouple imaging and actuation devices. In this last solution, it is possible to use an actuation device (e.g., stereotactic device from Stereotaxis company www.stereotaxis.com, or MiniMag device from Aeon Scientific www.aeon-scientific.com) coupled with a CT scanner. Note, however, that such a solution requires to use magnetic materials with a high remanent magnetization to compensate for the lack of important static field. Slowing down the reference trajectory may also reduce discrepancies induced by imaging delays. However, addressing properly stability concerns induced by delays requires a Lyapunov-Razumikhin/Krasovskii-based backstepping.
We approximate the blood velocity given by CFD results by analytical functions for quite simple vascular geometry. A more generic and robust approach relies on the design of an observer of the blood velocity, i.e., on an online estimation of the blood flow from the microrobot's position and heartbeat measurements, which is still an open problem.
IV. CONCLUSION
This paper proposes a physics-based modeling framework to optimize the navigation of magnetically guided therapeutic microrobots in blood vessels. The robot consists of a polymer binded aggregate of nanosized ferromagnetic particles grafted with micelles to drugs. The model of the robot takes into account wall effects, wall interactions and non-Newtonian behavior of blood. The benefits of using a model-based approach are illustrated through the definition of both an optimal size of the microrobot and an optimal trajectory so as to minimize the control efforts. The proposed optimization framework makes it possible to generalize the navigation process to complex vasculature networks. Taking into account the geometry of the vessels, the blood flow velocity at bifurcations and blood properties, we can optimize targeting with an appropriate backstepping control law coupled with a high gain observer. The performances and robustness of the approach are validated by simulation results including noise, disturbances, and model parameters uncertainties.
